Biomechanics relates the function of a physiological system to its structure. The objective of biomechanics is to deduce the function of a system from its geometry, material properties and boundary conditions based on the balance laws of mechanics (e.g. conservation of mass, momentum and energy). In the present review, we shall outline the general approach of biomechanics. As this is an enormously broad field, we shall consider a detailed biomechanical analysis of the aorta as an illustration. Specifically, we will consider the geometry and material properties of the aorta in conjunction with appropriate boundary conditions to formulate and solve several well-posed boundary value problems. Among other issues, we shall consider the effect of longitudinal pre-stretch and surrounding tissue on the mechanical status of the vessel wall. The solutions of the boundary value problems predict the presence of mechanical homeostasis in the vessel wall. The implications of mechanical homeostasis on growth, remodelling and postnatal development of the aorta are considered.
INTRODUCTION

CV system
The cardio-vascular (CV) system generally consists of heart (cardio) and blood vessels (vascular) . Specifically, the CV system can be viewed as the pulmonary circulation (composed of the right heart and the lungs) and the systemic circulation in which the left heart supplies blood to the systemic organs (heart muscle, brain, skeletal muscle, bone, gastrointestinal system, spleen, liver, kidney, skin and others). The pulmonary and systemic circulations are arranged in series and hence the right and left heart chambers must pump identical volumetric flow rate in health.
The primary function of the CV system is to circulate the blood through the capillaries to within diffusion distances (less than or equal to 10 mm) of every tissue parenchyma. The blood serves as the vehicle for delivery and removal of nutrients and waste products, respectively, and the vessels serve as the highways. The blood vessels are not merely highways or pipe channels, however, as they have a passive capacitance function that maintains the blood pressure in diastole as well as an active auto-regulatory control that allows the organ to respond to local demands.
The discovery of blood circulation was made nearly four centuries ago in 1615 by William Harvey well before the discovery of capillary vessels by Marcello Malpighi in 1661 (Young 1930) . Hence, the existence of capillary vessels was a theoretical prerequisite for Harvey's theory of circulation. With the discovery of capillary vessels to complete the vascular circuit and the obvious mechanical nature of the circulation, the marriage of CV physiology and mechanics was consummated; i.e. CV biomechanics.
1.2. Biomechanics 1.2.1. Definition and scope. Biomechanics is broadly defined as mechanics applied to biology. Mechanics constitutes the study of motion and associated forces while biology is the study of life. Hence, biomechanics is the interface of two large fields which includes such areas as gait analysis, rehabilitation, sports performance, flight of birds, swimming of sperm, birth labour, surgical devices, biomaterials, plant growth, prosthesis design and invertebrate mechanics to name just a few. In the present context, we shall focus the scope of biomechanics to continuum mechanics as applied to physiology. Physiology is the study of the normal function of living systems, which was originally concerned with the function of the Earth (Singer 1959) . The physiologist generally seeks to understand the relationship between structure and function. Biomechanics provides the physical and analytical tools to connect structure and function with the major objective to understand problems in physiology with mathematical accuracy. In the context of vascular mechanics, the major objective is to accurately predict the mechanical environment of the cells within the arterial wall, which is the major determinant of cellular homeostasis.
Continuum mechanics is concerned with the mechanical behaviour of fluids and solids on a continuum scale; i.e. their physical properties (mass, momentum, energy, etc.) can be defined by continuous functions. In the continuum model, the scale of interest is large compared with the characteristic dimension of the discrete constituents; e.g. tissues in an organ, cells in a tissue, proteins in a cell, etc. The key concepts of continuum mechanics are stress (force/area), strain (a dimensional change) and rate-of-deformation. The physical laws of continuum mechanics include conservation of mass, momentum and energy. The material properties of a continuum are mathematically described by the constitutive equation that relate stress to strain and strain rate. The constitutive relation is generally determined by experiment under theoretical constraints including thermodynamics and other physical conditions.
Tensors are the language of continuum mechanics. Both stress and strain are tensor quantities represented by a 3!3 matrix with nine components in three-dimensional space. Since both stress and strain are symmetric tensors in the absence of external moments, the number of independent components reduces to six. The rows correspond to the direction of outer normal to a surface whereas the columns correspond to the direction of force. For a cylinder, the three directions are circumferential, longitudinal and radial.
1.2.2. Approach. As proposed by Fung (1993) , there are four basic prerequisites to the solution of any problem in biomechanics: (i) identification of geometry or structure of the system; (ii) determination of the materials of the system and delineation of their mechanical properties; (iii) the basic laws governing the system; and (iv) the initial and boundary conditions. The first includes anatomical, morphological, histological and micro-structural studies. The second involves the study of chemistry, mechanical testing and constitutive formulation. The third issue depends on the number of assumptions invoked. The ideal approach is to minimize the number of ad hoc assumptions and to allow only the most basic principles as axioms: Newton's law of motion, the balance laws of mass, momentum, and energy; the second law of thermodynamics and so on. The final requirement of initial and boundary conditions depends on the starting point and the neighbourhood of the specific problem at hand, respectively. Collectively this approach leads to what mathematicians term wellposed boundary value problems (BVPs). In this way, biomechanics provides a mathematical framework for integration of structure and material properties to predict function.
Scope of the present review
It is obvious that CV biomechanics is a very broad discipline that includes the heart, blood vessels, blood cells, micro-circulation, etc. Indeed, a PubMed Search under Cardiovascular Biomechanics found 30 114 reports. Even for Biomechanics and Aorta, PubMed lists 4426 entries. We refer the reader to several excellent reviews on vascular mechanics in the last decade (e.g. Humphrey 1995; Fung 1996; Holzapfel & Weizsacker 1998; Vito & Dixon, 2003) and specifically on the aorta (e.g. O'Rourke 1994; Belz 1995) .
In the present review, we shall focus Fung's biomechanics approach on the aorta and demonstrate some of the rewards reaped through this approach. We will consider the geometry and material properties of the aorta to formulate well-posed BVPs. Finally, we will discuss the physiological implications of the biomechanical analysis. Specifically, we will consider the biomechanical homeostasis of the vessel wall and its implications on growth, remodelling and postnatal development.
PHYSIOLOGY OF AORTA
The aorta is the most proximal artery connected directly to the heart and acts both as a conduit and an elastic chamber. In its latter role, the aorta's elasticity serves to convert the heart's pulsatile flow to nearly steady flow in peripheral vessels. Stephen Hales (1733) reported his observations that the aorta expands to accommodate a large fraction of the stroke volume. Hales reasoned that the aorta serves as an elastic reservoir, which distends with blood during the heart's contraction and discharges blood through the peripheral resistance by elastic recoil while the heart refills. His explanation accounts for the smoothing action of the aorta in converting the pulsatile flow of the heart to smooth flow in blood vessels. An analogy was made with a hand-pump fire engine which smoothes a pump's pulsatile flow of water. In 1899, Otto Frank used this analogy to formulate the well known Windkessel theory.
This review emphasizes data from the author's laboratory which are primarily from two animal models: mice and pigs (Guo et al. 2002 (Guo et al. , 2005 Guo & Kassab 2003 Huang et al. 2006) . It may be appropriate to say a few words about the choice of animal models. The inbred strains of mice are being used with increasing frequency in many experimental CV studies (Hanahan 1990; Faraci & Sigmund 1999) because knockout studies have led to sub-strains that are predisposed to hypertension, diabetes and hypercholestermia, all of which are important risk factors for CV disease (Dunn 1965; Russell & Meier 1966; Russell 1972; Plump et al. 1992; Fyfe et al. 1994) . Each strain has a heritable life-span (Russell 1966; Storer 1966; Festing & Blackmore 1971; Grahn 1972; Russell 1972) and a heritable characteristic pattern of disease (Dunn 1965; Russell & Meier 1966; Russell 1972; Sucov 1998) . The focus on the mouse model is necessary to advance the phenotypic characterization of the mouse aorta in connection with genotypic manipulations.
The swine model is extremely popular in CV research because of the anatomical and hemodynamic similarities to humans (Hughes 1986; Hughes et al. 2003) . In addition to similarities in hemodynamics (blood pressure, heart rate, cardiac output (CO), etc.), the extent of collateral vessels and the size distribution of the coronary arteries in the heart are also very comparable to man (White & Bloor 1981; Sack 1982) . Hence, the swine aorta model is extremely important to advance our knowledge of human CV physiology and it is imperative for clinical (aortic aneurysm, dissection, etc.) and translational research (e.g. endovascular aneurysm repair). In addition to the mouse and pig models, there is enormous literature on the biomechanics of aorta in rat (Safar et al. 1998) , rabbit (Chien 1978) , dog (Ito et al. 1977 ), human (O'Rourke & Nichols 2005 ) and other species.
STRUCTURE OF AORTA
Introduction
The prescription of geometry or morphometry (measurement of form or shape) is necessary for the formulation of any BVP. Since BVP has values assigned on the physical boundary of the domain in which the problem is specified, the importance of geometry or form is obvious. Specifically, there are several reasons for specifications of geometry: (i) a mathematical model of the aorta must obey geometric similarity, which requires knowledge of the diameter and lengths of every segment of aorta; (ii) a mathematical analysis of aorta must also obey the rule of dynamic similarity which reduces to the simulation of two dimensionless parameters, the Reynolds number, N R (N R ZrUD/m where U is the mean flow velocity, D is the lumen diameter of vessel, and r and m are the density and viscosity of blood, respectively); and Womersley number, N W (N W ZD/2(ru/m) 1/2 , where u is the circular frequency of pulsatile flow); (iii) for a steady laminar flow, Poiseuille's formula states that the flow rate (volume/time) is directly proportional to the product of the fourth power of the diameter and the pressure drop and is inversely proportional to the first power of the vessel length, (iv) in an unsteady flow, the characteristic impedance is the ratio rc/A where r is the density of blood, c is the speed of flexural waves in the blood vessel and A is the cross-sectional area (CSA; proportional to the square of diameter) of the vessel; and (v) the mean circumferential Cauchy stress, s (force per deformed area), in the vessel wall is given by sZPD/2h, where P is the blood pressure and h is the wall thickness. Hence, it is clear that the geometry of the aorta (e.g. diameter, length, wall thickness and curvature) must be quantified for a realistic biomechanical analysis of aortic function.
Imaging of geometry
Since a detailed biomechanical analysis requires data on the geometry of an organ (e.g. the shape of the heart and the size of the blood vessels), developments in biomechanics overlap with advances in anatomy and imaging. Structural imaging is necessary for quantifying organs, tissues, cellular and molecular structures, which serve as a basis for the construction of biomechanical and integrative models. Imaging modalities include magnetic resonance imaging (MRI), computerized tomography (CT), positron emission tomography (PET) and ultrasound (US) at the organ level, micro-CT and optical coherence tomography at the tissue level, confocal and interference microscopy, multi-photon microscopy (MPM) and electron tomography (ET) at the cellular level and X-ray crystallography at the molecular level. Some of these modalities have been used for imaging of aorta (e.g. ET, Thompson & Stanford 1994; PET, Alavi et al. 2002; US, Long et al. 2004; CT, Kang & Spain 2005; MRI, McGuigan et al. 2005) .
Longitudinal geometry of aorta
Recently, we used US to measure the in vivo geometry of the mouse aorta as shown in figure 1 (Guo et al. 2002) . A cast was used to validate the US diameter measurements and to reconstruct the morphometry of the entire length of the aorta from the aortic valve to the common iliac bifurcation as illustrated in figure 2.
The coordinates x and a are referred to as the fractional longitudinal position (FLP) in the loaded (physiological pressure) and no-load (zero transmural pressure) states, respectively (with xZ0 at the aortic valve and xZ1 at the point of common iliac bifurcation). Table 1 shows the relationship between the various anatomical bifurcations (thoracic, abdominal, renal, etc.) and the FLP. These data serve to quantify the anatomy of the aorta relative to anatomical bifurcations and are essential for comparison of the length-normalized aorta of various species.
The longitudinal variation of the inner and outer diameters of the mouse aorta at physiological pressure (100 mmHg) is shown in figure 3a . It should be noted that the nearly linear taper geometry is only an approximation. In reality, the diameter changes take place only at the branching points; i.e. the vessel segments are cylindrical between bifurcation points. This observation was first made by Sobin and applies to many vascular and botanical trees (Sobin & Chen 1997 ). Sobin's observation postulates that the apparent taper of a large artery is due to side branches. Hence, the taper is only an approximation to what is actually a stair-case change in diameter.
The wall thickness at the loaded state was computed as the difference between the outer and inner radius of the vessel as depicted in figure 3b . The wall thickness shows a linear variation whose empirical constants are summarized in the figure legend. The radius of curvature of the aortic arch is shown in figure 3c . The curvature, which is the inverse of radius of curvature, is greatest at FLP of 0.11. An analysis of stress distribution in the aortic arch must take into account the curvature since a larger curvature leads to a greater non-uniformity in the circumferential transmural stress distribution. The mouse aortic arch data is similar to that found in the rat (Liu & Fung 1988) .
Cardiovascular biomechanics G. S. Kassab 721
The variation in the wall area was nonlinear and can be described by a higher order polynomial (Guo et al. 2002) . Han & Fung (1995) have previously determined the longitudinal variation of the wall CSA of the dog and pig aorta. They found species differences in the thoracic region. The longitudinal variation of the wall area of the pig and mouse aortas is very similar. With the establishment of a geometric model of mouse aorta, a biofluid or biosolid mechanical analysis can be advanced.
Wall micro-structure
Arteries are generally subdivided into two types: (i) elastic (e.g. aorta, carotids and pulmonary arterial vessels) and (ii) muscular (e.g. coronary, femoral and cerebral arteries; Burkitt et al. 1993) . The wall structure of both types of arteries consists of intima, media and adventitia. The intima layer consists of relatively acellular fibrous tissue and ground substance covered by a monolayer of endothelial cells. The media is composed of multiple layers of smooth muscle cells separated by collagen, ground substance and elastic fibres. There are numerous elastic laminae and smooth muscle cells in the aortic media. The adventitia has bundles of collagen and loose bands of elastic tissue. The intima and media, and media and adventitia are separated by internal and external elastic laminae, respectively. The aorta has a vasa vasorum which is located in the adventitial layer and penetrates to varying depths into the outermost portion of the medial layer.
3.4.1. Early work. The mechanical properties of blood vessels are derived from collagen and elastin fibres, smooth muscle cells and ground substances. The idea of relating the macroscopic mechanical properties of arteries to the micro-structure of the wall was first demonstrated by Alan Burton and colleagues. Roach & Burton (1959) studied arteries by differential digestion of elastin or collagen in the artery and measured the resulting mechanical changes of the artery after digestion. Based on this idea, Oka (1972) formulated a theoretical analysis of arterial wall which resulted in several important studies by Oka & Azuma (1970) , Azuma & Oka (1971) and Azuma & Hasagawa (1971) . Azuma & Hasegawa discussed the rheological properties of arteries and veins in terms of the networks of collagen, elastin and smooth muscles in the wall. Generally, the attempts to determine the geometry (width, length, curvature, orientation) of the collagen and elastin fibres in the artery have not been fruitful because the mat of fibres is so dense and closely knit that it is difficult to make the needed measurements.
3.4.2. Micro-structure-based constitutive models. In relating the micro-structure and overall constitutive response of arteries, researchers have proposed several constitutive models. Decraemer et al. (1980) proposed a parallel wavy fibres model for soft biological tissues in uniaxial tension. Lanir (1983) further developed a general multi-axial theory for the constitutive relations in fibrous connective tissues on the basis of microstructural and thermodynamics consideration. Based on the entropy evolution in rubber elasticity (Treloar 1975) , Arruda & Boyce (2004) and Bischoff et al. (2002) developed a hyperelastic constitutive model. Their model has been employed in biological simulations, including recent work on arterial hypertension. There are also general theories for woven fabric (Nayfeh & Kress 1997) and random polymer or spring networks (Idiris et al. 2000; Rubinstein & Panyukov 2002; DiDonna & Lubensky 2005) . The previous microstructure-based constitutive model, however, have not been well rooted in quantitative data on the vascular micro-structure. Recently, Holzapfel & Gasser (2000) proposed a constitutive framework for arterial wall mechanics by treating the vessel wall as a two-layer fibre-reinforced composite with the fibres corresponding to the collagenous component of the arteries. In their model, the fibres are symmetrically disposed with respect to the cylinder axis resulting in an orthotropic constitutive law for each layer. Although promising, this model has not yet been micro-structurally validated.
3.4.3. Recent developments. Recently, a non-destructive method has been developed to provide quantitative data on the three-dimensioanl structure of collagen and elastin. Tromberg and colleagues have recently demonstrated the co-registration of two-photon excited fluorescence (TPEF) and second-harmonic generation (SHG) in unfixed, unstained tissue in reflection geometry (Zoumi et al. 2002 (Zoumi et al. , 2004 . Spectral measurements were employed to determine the origin of the image-forming signal from structural proteins in arteries (Zoumi et al. 2004) . At shorter excitation wavelengths the signal emitted from collagen is a combination of SHG and TPEF whereas at longer excitation wavelengths, the collagen emission is exclusively due to SHG. The signal from elastin is solely due to TPEF. The spectrally distinct origin of signals from the different arterial components may allow the selective visualization of the structural and functional modifications of collagen and elastin during various physiological and pathophysiologic conditions. Using SHG and TPEF in combination provides complementary information that allows non-invasive, spatially localized characterization of arterial tissue.
We recently performed histochemical analysis of the aorta to facilitate mapping of the different layers in the vessel wall. Figure 4 shows SHG/TPEF images of the aortic wall obtained from the adventitia, the adventitia-media border and the media, respectively, for l ex Z800 nm. The images are consistent with the histology, displaying sheets of collagenous fibres oriented in multiple directions in the adventitia and mainly elastic fibres in the media.
A major advantage of this approach for studying arterial tissue is that it relies exclusively on endogenous signals and does not require exogenous probes, which can change the biological state of the tissue. Due to the near-infrared wavelengths used, greater penetration depths can be achieved. Furthermore, photo-damage and photo-bleaching are largely eliminated, thus rendering combined SHG/TPEF the technique of choice for intravital imaging. Finally, this method allows simultaneous mechanical testing and visualization of the micro-structural components in the same specimen. Current efforts are underway to quantify the three-dimensional geometry of elastin and collagen fibres to provide a micro-structural model to predict the macro-mechanical properties of vessel wall.
MATERIAL PROPERTIES OF AORTA
Introduction
Biological tissues are subject to the same balance laws of conservation of mass, momentum and energy. What distinguish biological tissues from inanimate materials are their unique constitutive equations. The literature on the material properties (e.g. stiffness) of the aorta is enormous (Fung 1990 (Fung , 1993 Nichols & O'Rourke 1990) . One of the reasons for the great interest stems from the observation that increased stiffness of large elastic arteries represents an early risk factor for CV diseases (Arnett et al. 1991; Hodes et al. 1995) . Specifically, increased aortic stiffness is associated with atherosclerosis (Dart et al. 1991), aging (Russell & Meier 1966; Avolio et al. 1983; Gillensen et al. 1995) , heart failure (Khan et al. 1999) and various risk factors such as hypertension (Dzau & Safar 1988; Heints et al. 1993) , diabetes (Liu & Fung 1992; Airaksinen et al. 1993; Salomma et al. 1995) , hyperlipidemia (Lehmann et al. 1992 ) and smoking (Liu & Fung 1993; Stefanadis et al. 1997) . Furthermore, arterial stiffness has also been shown to be an independent risk factor for CV events such as primary coronary events, stroke and mortality (Boutouyrie et al. 2002; Laurent et al. 2003) . Therefore, the assessment of aortic mechanical properties is particularly important in understanding the mechanisms of CV disease.
Pressure-diameter-length relation
The pressure-diameter relation has been very popular in CV physiology because it plays an important role in the pressure-flow relationship of blood flow through the vessel and hence the organ. In fact, the compliance of the vasculature (slope of the pressure-diameter relation) is an important determinant of the nonlinearity of the pressure-flow relationship (Fung 1990; Kassab 2001) . Furthermore, the pressure-diameterlength relation can be transformed into a biaxial (circumferential and longitudinal) stress-strain relation where the mean circumferential Cauchy stress is computed from pressure, diameter and wall thickness as per Laplace's equation and strain is computed from circumference (or diameter) measurements in reference to the zero-stress state (Guo & Kassab 2003) . The major advantage of the pressure-diameter protocol is that it preserves the coupled nature of mechanical loading unlike the uniaxial strip experiments.
4.2.1. Longitudinal stretch ratio. The pressurediameter-length relation was determined in the aorta of mice in situ (Guo & Kassab 2003) . The in situ state preserves the effect of surrounding tissue unlike the ex-vivo experiment. The longitudinal stretch ratio of the aorta in situ was obtained as the ratio of the segmental length at various pressures relative to the zero-stress state. The lengths of the mouse aorta (body weight of 25.3G1.3 g), from the aortic valve to the common iliac bifurcation, were 41.4G2.4 and 29.5G 1.7 mm in the loaded and no-load states, respectively. Hence, the average longitudinal stretch ratio is approximately 1.4. Figure 5a shows the variation of the local longitudinal stretch ratio along the length of the mouse aorta at different distension pressures. Figure 5a shows that the longitudinal stretch ratio increases along the length of the aorta (larger near the common illiac bifurcation) similar to canine and porcine aortas (Han & Fung 1995) and increases with pressure at any longitudinal position. The former observation is very pronounced where the stretch ratio is near one at the ascending aorta and 1.6 near the common illiac bifurcation. Consequently, when the vessel is excised the various regions will shorten according to figure 5a where the abdominal aorta shortens the most. Although the latter shows a smaller change with pressure, it deserves mention as most in vitro studies maintain constant longitudinal stretch ratio during inflation which is not physiological.
The global stretch ratio is measured as the ratio of the total length of the aorta at a given pressure to the in vitro length at no-load state (approximately equivalent to zero-stress). Figure 5b shows the variation of the global longitudinal stretch ratio of mouse aorta as a function of pressure. As the pressure increases, the global longitudinal stretch ratio shows a significant increase, which suggest elongation of aorta and possible increase in curvature. This may be important in hypertension as increase of curvature and bending may be atherogenic.
4.2.2. Zero-stress state. It has been more than 20 years now since Fung (1984) and Vaishnav & Vossoughi (1983) independently showed that the zero stress state of a blood vessel is an open sector. This was a critical observation for vessel mechanics since all computations of stress and strain must be referred to the zero stress state that had erroneously been assumed to be the no-load configuration (i.e. a tube). Since then, numerous papers have been written on the subject as detailed in Fung (1990) and more recently reviewed by Rachev & Greenwald (2003) .
The open sector in the zero-stress state has been characterized by the opening angle that is defined as the angle subtended by two radii connecting the midpoint of the inner wall to the ends of the open segment as shown in figure 10 . The longitudinal variation of the opening angle in the mouse is shown in figure 6 . The longitudinal variation of the opening angle has been previously documented in the rat and pig aortas (Liu & Fung 1988; Han & Fung 1991) . Both pig and rat aortas have a mean opening angle of about 1308 in the ascending aorta region similar to that found in the mouse (Guo et al. 2002; Guo & Kassab 2003) . The species differences become evident, however, in the thoracic aorta region. It appears that the aortic longitudinal variation of opening angle in the mouse model is more similar to the pig than to the rat. Furthermore, the variation of opening angle in the mouse aorta was similar to post-mortem data of human aorta that did not show a minimum value in the middle portion of the aorta (Saini et al. 1995) . Direct numerical comparison of opening angles is difficult, however, since the human aorta data were obtained 24 h after death.
Stress and strain.
For large deformation of a cylindrical vessel, the circumferential Green-Lagrange strain E c (E c Z ð1=2Þðl 2 c K1Þ; l c Z C =C zs where C and C zs represent the circumferences at loaded and zerostress state) is an appropriate measure. For anisotropic materials, the stress-strain relation should be established between the 2nd Piola-Kirchhoff (P-K) stress and the Green-Lagrangian strain (Atluri 1984) . The circumferential 2nd Piola-Kirchhoff (P-K), S c , can be easily computed from the Cauchy stress, s c (s c ZPr/h as given by Laplace's equation; P, r and h represent the blood pressure, inner radius and wall thickness, respectively) as S c Z s c =l 2 c . The Cauchy (true) stress is the force per deformed area whereas the 2nd Piola-Kirchhoff stress is the force per undeformed area.
The relation between average circumferential and longitudinal Green strains and 2nd Piola-Kirchhoff stresses for the middle thoracic and abdominal aorta in the pressure range of 30-210 mmHg are shown in figure 7a. It can be seen that the relationship is linear up to 120 mmHg (i.e. physiological range) beyond which it becomes nonlinear. It is also interesting to note that the relationship in the two regions is essentially the same below 120 mmHg. Above this pressure the abdominal aorta attains larger stresses and strains. This observation may be due to the fact that the abdominal aorta has fewer bifurcation constraints and is less tethered by the surrounding tissue. This observation underscores an interesting possible correlation between higher stresses and strains with the predisposition of disease in the abdominal aorta in hypertension (DeBakey et al. 1985) . Interestingly, the porcine abdominal aorta reveals higher opening angle, strain and stress as compared to the thoracic aorta under normotensive conditions . Figure 7b shows the circumferential stress-strain relationship for various segments of the aorta in the 30-120 mmHg pressure range while figure 7c shows the corresponding data for the longitudinal stress-strain relation. The observed linearity of mechanical properties in the in vivo range (30-120 mmHg) along the length of the aorta will simplify future mechanical modelling of the mouse CV system (Guo & Kassab 2003) .
Constitutive equation.
The constitutive equation of the blood vessel wall was a much debated subject in earlier years (see review in Fung 1993) . Eventually, the following observation by Fung (1993) was generally accepted: soft tissues have a special kind of viscoelasticity where the percentage loss of energy by hysteresis per cycle in a cyclic loading and unloading process is only a few percent, and this percentage does not vary more than a factor of two over a frequency range of five orders of magnitude. However, at any particular frequency, it is not easy to predict the exact value of the loss per cycle. Fung (1993) and others showed that this is consistent with a model of viscoelasticity with a continuous relaxation spectrum. In cyclic loading and unloading the stress-strain relationship is unique in the loading stroke, and is also unique in the unloading stroke (although the two are somewhat different because of hysteresis). Fung called such a material pseudo elastic, a term which is now widely used. In this framework, the viscoelastic hysteresis behaviour of soft tissue can be approximated within the more tractable framework of elasticity, provided that the elastic properties are different for loading and unloading.
A well-known approach to the study of elasticity of bodies capable of finite deformation is to postulate the form of a strain energy function (SEF; Green & Adkins 1960) . The SEF relates stress to strain in a hyperelastic material, which arises from changes in internal energy or entropy with loading. The partial derivatives of the SEF with respect to Green's strain components are related to the second Piola-Kirchhoff stresses. The determination of SEF is an inverse problem. A form of the SEF is assumed and based on computed values of stress and strain from loading and deformation experiments, we determine the material properties that give satisfactory agreement between the theorized form and the experimental data. This procedure involves nonlinear least squares fit using the classical Marquardt-Levenberg (Marquardt 1963; Fung et al. 1979) or the more recent Genetic Algorithm methods (Coley 1999; Sverdlik & Lanir 2002) . Genetic algorithms may be advantageous because they can determine the global minimum in highly nonlinear problems with multiple local minima (Karr et al. 2000; Vigdergauz 2001; Pandit et al. 2005) . The major advantages of this approach are that it explores the solution space by testing parameter combinations simultaneously to avoid local minimum and does not require derivative information (Goldberg 1989) .
Alternative analytical forms for the SEF can be found in the literature (Fung 1993; Abe et al. 1996) , especially the polynomial form of Patel et al. (1973) and the logarithmic form by Hayashi (1993) , but the exponential form is most widely used. Many validation experiments have been done over the years (Fung 1993) . For the mouse aorta, the linear stress-strain relation reduces the form of the SEF to a simple second order polynomial (Guo & Kassab 2003) .
4.2.5. Elastic moduli. The elastic modulus for a linear uniaxial stress-strain relation is defined as the slope of the curve (Young's modulus). For biaxial experiments, the elastic moduli can be generalized for an anisotropic material as given by Dobrin & Doyle (1970) . The elastic moduli in the circumferential and longitudinal directions were computed for the mouse aorta (Guo & Kassab 2003) . The variation of the in situ circumferential elastic modulus along the length of the aorta is shown in figure 8 . The circumferential modulus is stiffest near the diaphragm which is consistent with the findings of Tanaka & Fung (1974) in canine aortic uniaxial strips. The mean longitudinal modulus was found to be fairly constant along the length of the mouse aorta. The longitudinal modulus was approximately two orders of magnitude larger than the circumferential modulus in the in situ preparation where the aorta is constrained through numerous bifurcations; and hence reflects not only the properties of the aorta but also the surrounding tissue (Guo & Kassab 2003) .
4.2.6. Compliance. The variation of lumen CSA with pressure for the various segments of aorta was found to be linear. The pressure-volume relationship of the entire aorta is shown in figure 9a (Guo & Kassab 2003) . The slope of the curve corresponds to the volume compliance (DV/DP) of the aorta which is independent of pressure in the 30-150 mmHg range. We also evaluated the volume compliance of thoracic and abdominal aorta as shown in figure 9b. Since the volume compliance is additive, the total volume compliance, obtained from figure 9b, is equal to the sum of volume compliance of thoracic and abdominal aorta. It is interesting to note that the abdominal compliance is only 15% of the thoracic compliance. Alternatively, the compliance can be expressed in terms of CSA (DCSA/DP). It is much easier to measure the CSA compliance; particularily, in vivo ( figure 9c) . Hence, the majority of data in the literature is on the CSA compliance, which is incorrectly used interchangably with volume compliance. In any case, both CSA and volume compliance show that the proximal aorta, near the heart, is most compliant with the compliance Numerous estimates of compliance have been made in vivo based on the Windkessel model by calculation of time constant (product of total arterial resistance and compliance) of pressure decay or some modification thereof (Slordahl et al. 1990) . Data on the compliance of pig, dog and rat have been reported as approximately 0.5 (Slordahl et al. 1990) , 0.1 (Stergioulos et al. 1999) and 5!10 K3 ml mmHg K1 (Levy et al. 1985) , respectively. In the dog experiment the reported compliance corresponds to the proximal descending aorta, which accounts for 60% of the total arterial compliance. One of the limitations of the Windkessel model is that it does not account for wave reflections which should be considered when interpreting the data particularly at higher heart rates.
We can estimate the degree of accomodation that the aorta provides to each ejection of the heart. The stroke volume can be determined as the quotient of CO and heart rate while the change of volume of the aorta during each cardiac cycle can be estimated from the product of compliance and pulse pressure. For the mouse, at a CO of 12.5 ml min K1 and heart rate of 622 beats min K1 , we obtain a stroke volume of 0.02 ml (Barbee et al. 1992) . For a pulse pressure of 25 mmHg, the computed compliance yields a change in aortic volume of 0.0067 ml. Hence the aorta can accommodate about one-third of the stroke volume. It should be noted that this is an estimate since the dynamic compliance may be somewhat different which would affect the value. Similar calculations for the pig yield a stroke volume of 20 ml assuming CO of 2 l min K1 and heart rate of 100 beats min K1 . The change in aortic volume during each cardiac cycle can be estimated as 12.5 ml assuming a pulse pressure of 25 mmHg and dynamic compliance of 0.5 ml mmHg K1 . Hence, the aorta accomodates about two-thirds of the blood pumped in one stroke. Incidentially, this is the same estimate made by Hales (1733) nearly three centuries ago.
BOUNDARY VALUE PROBLEMS
In the examples that follow, the BVPs are solved by applying the equation of radial equilibrium under quasi-static conditions in an axisymmetric geometry as shown in figure 10 . The solutions of these BVP provide the transmural distribution of stress components. The constitutive equation and BVPs are 
Effect of zero-stress state
Prior to 1983, every study pointed to the existence of a stress concentration at the intima of the blood vessel and the subendocardium of ventricle, to the extent that the circumferential tension at the inner wall was much higher than that at the outer wall (Chuong & Fung 1983) . The stress concentration implies high local energy consumption by the vessel or ventricle and consequently a high oxygen demand at the inner wall. The stress concentration at the inner wall was a direct consequence of the starting assumption that the unloaded (zero transmural pressure) blood vessel or ventricle is at the zero-stress state. The recognition of residual stress and strain reduced the stress concentration problem and simplified the stress-strain relation because it referred to a well defined state. Rachev & Greenwald provide a thorough review of the literature on residual strain of blood vessels (2003) . The implication of the circumferential residual strain was the 'uniform stress' hypothesis proposed by . The uniform stress hypothesis has been used by Takamizawa & Hayashi (1987 , 1988 to predict the material constants of a strain energy density function and by others to understand arterial remodelling in response to changes in physical stress and strain (e.g. Rachev et al. 1996; Taber & Humphrey 2001) . The three components of residual strains are shown in figure 11a . Figure 11b shows the distributions of circumferential stress in the vessel wall, with and without the circumferential residual strain. It is clearly seen that the residual strain greatly reduces the stress gradient. Although the residual stress at no-load state is relatively small in magnitude, it significantly contributes to the homogeneity of circumferential stress. The compressive and tensile circumferential residual strains on the inner and outer sides of the vessel wall, respectively, compensate the tensile circumferential strain caused by the blood pressure. Hence, there is a significant reduction of stress gradient in the vessel wall (figure 11) due to the high nonlinearity of the stress-strain relation.
Effect of longitudinal pre-stretch
The existence of pre-stretch and longitudinal tethering was documented much earlier than circumferential residual strain (Fuchs 1900; Hesses 1926; Bergel 1961; Patel & Fry 1966; Patel & Vaishnav 1972; McDonald 1974) . Numerous studies have quantified the degree of longitudinal shortening when a blood vessel is excised from the in situ condition as described earlier (see review in Guo & Kassab 2003) . Although the effect of circumferential residual strain on the in vivo intramural stress distribution has been thoroughly investigated (see review in Rachev & Greenwald 2003) , there are fewer studies on the effect of longitudinal pre-stretch (Gleason & Humphrey 2005a; Zhang et al. 2005) . Zhang et al. (2005) recently considered the effect of longitudinal pre-stretch on strain and stress distribution through a series of simulations with various longitudinal stretch ratios l z (the ratio of the longitudinal length of the vessel in situ to that in vitro) in the rabbit thoracic aorta (Chuong & Fung 1986) . Figure 12a ,b shows the principal Cauchy stress and logarithmic strain (log l c , where l c is the circumferential stretch ratio) at l z Z1.7, respectively for the rabbit aorta. The transmural variations of stress and strain were averaged over the thickness of the wall and are shown in figure 12c,d , respectively, for various l z . The radial stress did not vary with the change in stretch ratio. It is seen that the circumferential and the longitudinal stresses both increase with an increase in stretch ratio (figure 12c). The increase in longitudinal stress, however, is much larger than the circumferential stress. As the l z increases, the longitudinal stress gradually reaches the magnitude of circumferential stress. Figure 12d reveals that the change of l z influences the radial and longitudinal strains significantly more than the circumferential strain. The radial strain, which is always compressive, becomes more compressive with an increase in l z . The longitudinal strain, which is completely prescribed by the longitudinal stretch ratio, is uniformly distributed in the vessel wall. The circumferential strain, which is dominated by the physiological pressure, appears to be almost independent of l z .
The longitudinal retraction or pre-stretch is small in the young and increases with postnatal growth and development as the vessels are stretched by body growth (Dobrin et al. 1975; Huang et al. 2006) . Zhang et al. (2005) found that under the same physiological pressure, a more similar magnitude of circumferential and longitudinal stresses may be obtained by prestretching the vessel. Incidentally, the in vivo longitudinal stretch ratio of 1.7 yields similar circumferential and longitudinal strains, but not their stress counterparts ( figure 12c,d ) in the rabbit aorta.
The numerical results indicate that the increase of stretch ratio reduces the circumferential strain slightly, which makes the blood vessel 'stiffer'. The observation that longitudinal stretch increases the circumferential stiffness of a blood vessel has been previously confirmed experimentally by numerous studies (Cox 1975; Vaishnav & Vossoughi 1983; Weizsacker et al. 1983; Dobrin 1986; Humphrey et al. 1993; Pandit et al. 2005) .
Effect of surrounding tissue
All blood vessels receive some perivascular support from the surrounding tissue. Some vessels such as pulmonary arteries receive little support while skeletal, myocardial or vertebral vessels are much more constrained (see review in . To gain insight into the effect of radial constraint, Zhang et al. (2004 Zhang et al. ( , 2005 applied various displacement boundary conditions to constrain the outer surface to different extents, while keeping the internal pressure at 120 mmHg and the stretch ratio at 1.7. Figure 12e ,f shows the intramural distribution of stress and strain, respectively, when the outer radius is compressed by various degrees. It is noted that the effect of radial constraint is to increase the radial stress but decrease the tensile longitudinal and circumferential stresses significantly. The simulation results indicate that the wall stress (especially the circumferential stress, see figure 12e ) can be considerably reduced by an external constraint which effectively reduces the transmural pressure difference.
In the aorta, a 10% radial constraint results in similar values of circumferential and longitudinal stresses but not the strains ( figure 12e,f ) . Hence, it appears that the aorta cannot have simultaneous uniformity between circumferential and longitudinal stresses and strains, which is in contrast to the coronary artery (Zhang et al. 2005) . Since the geometry, residual strain and physiological loading are similar for the two vessel types, the difference lies in the material properties. We expect that the proximity of circumferential and longitudinal strain is more physiological since the thoracic aorta is not as radially compressed as the coronary artery (Hamza et al. 2003) . Incidentally, Guo & Kassab (2003) have found the radial compression to be less than 5% for the mouse thoracic aorta which suggests a bi-axially similar strain (figure 12f ).
STRUCTURE-FUNCTION RELATION
Mechanical homeostasis
Homeostasis is a very old axiom in physiology and medicine. In 1865, Claude Bernard stated that the 'constancy of the internal milieu was the essential condition to a free life' (Bernard 1957) . In the past two decades, the existence of a homeostatic state of stress and strain in the CV system has received a great deal of attention. This surge of interest stems, in part, from the desire to understand growth and remodelling of blood vessels in response to changes in physical stress and strain. The 'uniform circumferential stress' hypothesis has emerged as one of the physical principle that dictates the vascular response in hypertension. The increase in pressure leads to an increase in circumferential stress, which causes the vessel to chronically adapt with a proportional increase in thicknessto-radius ratio. Hence, the circumferential stress returns to the homeostatic state as per Laplace's equation (Wolinsky 1971 (Wolinsky , 1972 Vaishnav et al. 1990; Matsumoto & Hayashi 1994; Kassab et al. 2002) . In addition to the uniform circumferential stress hypothesis, we have recently found that the circumferential strain (computed in reference to the zero-stress state) responds faster and recovers more quickly than the circumferential stress in the rat femoral artery (Lu et al. 2001 ) and pig common bile duct (CBD; Dang et al. 2004) . Hence, the circumferential strain appears to be well regulated. The observed growth and remodelling processes that tend to restore the stresses and strains to some 'set values' support the hypothesis of a 'homeostatic' state of these parameters. We shall discuss these hypotheses in greater detail below.
6.1.1. Uniform shear hypothesis. The remodelling of blood vessels in response to flow-overload obeys the constant wall shear stress (WSS) hypothesis (Lu et al. 2001) . This principle implies that the volumetric flow rate is proportional to the cube of the vessel radius assuming a laminar, incompressible, Newtonian flow through a rigid cylindrical vessel (Kassab & Fung 1995) . Hence, in order to maintain a constant WSS, the cube of radius must increase in proportion to the increase in blood flow. Blood vessels can accommodate such a change in vessel radius at two levels: acutely through vasoactive mechanisms (flow-dependent constriction or dilation), and chronically by remodelling vascular caliber (Kamiya & Togawa 1980; Zarins et al. 1987) . Kamiya et al. (1984) have previously collected diameter and velocity data from the literature and estimated the WSS in the arterial system. They concluded that despite an approximately eight order of magnitude difference in flow rate in the arterial tree (aorta to pre-capillary arterioles), the WSS varies by about a factor of two (approx. 10-20 dyne cm K2 ). Furthermore, the uniformity of WSS is restored even when blood flow is perturbed such as in flowoverload (Kamiya & Togawa 1980) or in flow-reduction (Langille & O'Donnell 1986) . In summary, it has been observed that the vessel will remodel its lumen diameter so as to return the WSS to the homeostatic value (see review in Lu et al. 2001) . The mechanotransduction responsible for this regulation has been the subject of great interest (see review in Davies 1995).
6.1.2. Uniform circumferential stress hypothesis. The blood pressure is primarily opposed by the forces of elastin, collagen and smooth muscle cells that are oriented to form well defined layers (see review in Rhodin 1979) . Thick elastin bands form concentric lamellae while finer elastin fibres form networks between lamellae. The collagen fibres are distributed circumferentially in the interstices. In a comparative study of aorta from various species ranging from mouse to pig, Wolinsky & Glagov (1967) found that the total number of medial lamellar units is proportional to the aortic diameter. Hence, despite a large variation in aortic diameter, the average tension per lamellar unit of an aortic media is fairly constant.
The concept of average wall stress, tension divided by wall thickness, is theoretically more appropriate than tension for a thick walled vessel. Hence, the 'uniform tension' hypothesis was generalized into a uniform stress hypothesis as the principle that dictates the remodelling of arteries in hypertension (Wolinsky 1971 (Wolinsky , 1972 Vaishnav et al. 1990; Matsumoto & Hayashi 1994) . It has been observed that the wall thicknessto-radius ratio increases in proportion to the increase in pressure such that the circumferential average wall stress is restored after some period of growth and remodelling. Hence, this hypothesis presupposes a homeostatic state of stress.
6.1.3. Uniform circumferential strain hypothesis. Our group has recently examined the uniform stress hypothesis in a flow-overload model of an arterialvenous fistula (Lu et al. 2001 ) and a pressure-overload model of CBD post obstruction (Duch et al. 2002; Dang et al. 2004) . The time course of change of stress and strain was determined over a 12 weeks period in the a-v fistula and 32 days period in the obstructed CBD. Indeed, we found that the remodelling principle is consistent with normalization of average circumferential stress in the vessel wall. We found that strain, however, reached its peak sooner and normalized faster than stress. Hence, we conclude that the vessel appears more 'sensitive' to changes in strain. This implies the existence of a homeostatic state of strain.
6.1.4. Uniformity of strain throughout the CV system. recently determined the distribution of circumferential stress and strain along the porcine aorta and throughout the coronary arterial tree. They showed that the stretch ratio (circumference of the artery at physiological loading relative to the zero-stress state) and average wall stress varied from 1.2-1.6 to 10-150 kPa, respectively, along the aorta and the entire left anterior descending coronary arterial tree (more than three orders of magnitude difference in vessel diameters). The relative uniformity of circumferential stretch ratio from the proximal aorta to a 10 mm arteriole implies that the vascular system closely regulates the degree of deformation.
It should be noted, however, that the average circumferential wall stress reported does not correspond to the cell stress. In larger vessels where the average wall stress is higher (approx. 150 kPa), it is generally assumed that the cells are bearing a small fraction of the load because of the abundance of the load-bearing extracellular matrix (ECM). If we assume a constrained mixture model (Gleason & Humphrey 2005b) where the all components undergo the same strain but the stresses are additive, this implies that the cell stress is much less than the average wall stress. In smaller vessels where the average wall stress is significantly lower (approx. 10 kPa), the cell stress Cardiovascular biomechanics G. S. Kassab 731 would be closer to the average wall stress because there is much less ECM. Future studies are needed to compute the cellular stresses in small and large vessels to clarify cellular mechanics in mechanotransduction. The molecular mechanism responsible for the transduction of physical stimulus into a biochemical event remains as one of the most exciting areas of biomechanics research.
6.1.5. What is the stimulus for mechanotransduction? It has not been possible to establish whether blood vessels respond to stress or strain because it is difficult to experimentally separate the two mechanical stimuli. Stress and strain are intimately related through the material properties of the vessel wall (constitutive relation) and hence it is difficult to change one without affecting the other. We postulate that strain or possibly strain rate is the stimulus for mechano-transduction based on the premise that forces transmitted via individual proteins cause conformational changes that alter their binding affinity to other intracellular molecules. The force transmission may occur either at the site of cell adhesion or within the stress-bearing members of the cytoskeleton. The altered equilibrium state can subsequently initiate a biochemical signalling cascade or produce a local structural change. Since conformational change of a molecule or enzyme is inherently related to deformation, it is likely that chemical kinetics is affected by deformation. Stress, on the other hand, may be a driving force for transport processes.
There is significant data in the literature that supports the existence of stretch or deformationactivated ion channels in the vascular system (see review in Sachs 1988) . Specifically, stretch-sensitive calcium ion channels have been identified and studied in endothelial cells (Naruse & Sokabe 1993; Hoyer et al. 1997; Naruse et al. 1998; Murase et al. 2001) . Experiments that use micro-pipettes to stretch an endothelial cell membrane show the degree of stretch or deformation is related to the opening of transmembrane cation channels. The major effect of the activation of these mechano-sensitive ion channels is the influx of calcium and hence the depolarization of the cell. Moreover, there is a causal relation between mitogen activated protein kinase molecules of endothelial cells and both shear stress and cyclic strain (Tseng et al. 1995; Azuma et al. 2000) .
6.1.6. Uniform transmural strain hypothesis. Fung & Liu (1992a,b) have previously shown that one of the implications of the existence of the residual strain is to make the transmural strain distribution more uniform. This was demonstrated in ileal, medial plantar and pulmonary arteries of the rat. We have tested this hypothesis along the entire length of the aorta (Guo et al. 2002) . Our results show that the negative inner and positive outer residual strains lead to a uniform transmural strain distribution in the loaded state throughout the length of the aorta. This uniformity of transmural strain has important physiological implications (Fung & Liu 1992a,b) . Guo & Kassab (2003) examined the effect of pressure on the uniformity of transmural strain. The difference between outer and inner strain is shown in figure 13 . At zero-pressure, the values correspond to the residual strain. Outer residual strain is tensile while inner strain is compressive. Hence, the difference is fairly large as shown in figure 13 . As the vessel is pressurized, the outer strain remains larger than the inner strain at a pressure of 30 mmHg. At 60 mmHg, the difference in transmural strains is not statistically significant. This remains to be the case until the pressure is increased to a value of 150 mmHg where the inner strain exceeds the outer strain. These results have important implications for hypertension where the increase in pressure may be well above 150 mmHg. The resulting gradient in transmural strain may be a stimulus for growth and remodelling .
Vessel growth and remodelling
Stress and strain are intimately related to tissue function, growth and remodelling. Hence, a thorough understanding of the stress and strain state in the normal vessel wall can be used as a physiological reference state. The solution of BVPs reveals that distributions of stresses and strains become more uniform when the longitudinal pre-stretch is considered and the outer surface is restrained or compressed by the surrounding tissues. Hence, at the in vivo condition, residual strains in the circumferential, longitudinal and radial directions and surrounding tissue all help to maintain biaxial strain homogeneity or uniformity in the vessel wall. This may be the mechanical homeostasis of the vessel wall. Initiation of atherosclerosis or other vascular dysfunctions may be caused by perturbations of the mechanical homeostasis. Hence, the physical principle that dictates the growth and remodelling of the vessel wall is to restore the homeostatic mechanical state.
The ability of living tissues to adapt to altered mechanical loading conditions makes them very different from inanimate objects. It has been shown that stress and strain are the major stimuli for growth and remodelling . For example, arteries change their structures, compositions, and Guo & Kassab (2003).) material properties when blood pressure increases (Fung 1993) . The increase in residual strain in blood vessels in response to hypertension has been well documented (see review in Fung 1993) . It is hypothesized that the increase in opening angle and accompanying residual strain serves to maintain a uniform stress and strain gradients despite the hypertension ). Theoretical models have also been developed to account for the stress-dependent adaptation of arteries (e.g. Rachev et al. 1996; Taber & Humphrey 2001) . Several studies have examined the effects of longitudinal pre-stretch on cellular tissue growth and remodelling in vivo and ex vivo (Jackson et al. 2002; Clerin et al. 2003; Han et al. 2003) . It was concluded that the growth restores the longitudinal strain while maintaining similar material properties. In a computational study, Gleason & Humphrey (2005a,b) used a mathematical growth and remodelling model to predict similar findings.
Postnatal development
Postnatal development involves tremendous growth and remodelling. At the time of birth, the major hemodynamic changes include an increase of CO and flow heterogeneity along the aorta, as well as an immediate increase in systemic blood pressure (Heymann et al. 1981) . During early growth and development, the peripheral tissues continuously increase demand for blood flow as the blood pressure increases to accommodate those flows for several weeks (Langille 1993 (Langille , 1995 Wiesmann et al. 2000) .
The study of the changes of the geometry and mechanical properties during postnatal development is particularly important to understand the mechanisms of vascular adaptation in response to changes in physical stress. The pressure-induced circumferential wall tension and flow-induced WSS regulate the remodelling of the wall thickness and the diameter of the aorta, respectively (Langille 1995) . Numerous studies have investigated the morphological, structural and biochemical changes of the aorta during development as well as the relation between these changes and the mechanics of the aorta (Berry et al. 1975; Langille 1993; Davis 1995; Saini et al. 1995; Wong & Langille 1996; Marchii & Becker 1997; Wells et al. 1998; Katsuda et al. 2002; Huang et al. 2006) . These studies confirm that the aorta increases its lumen, wall thickness and mechanical stiffness during development.
6.3.1. Pressure and flow-induced remodelling. The first two weeks of the mouse life is characterized by simultaneous changes of blood pressure and CO. The mean arterial pressure increases from approximately 30 to 80 mmHg during postnatal development and reaches the adult value at two weeks of age in the C57BL/6 mice (Huang et al. 2006) . The CO has been shown to increase linearly in the first four weeks of life of the same strain of mouse (Wiesmann et al. 2000) . Hence in addition to the hormonal changes in the first two weeks of life, the mouse aorta experiences changes in both blood pressure and blood flow, with the changes of flow being significantly higher than those of pressure.
Numerous studies have demonstrated that changes in blood pressure are associated with changes in wall thickness. Aortic wall thickening was observed during development (Davis 1995; Olivetti et al. 1980; Marchii & Becker 1997) and it was attributed to the medial tissue accumulation of elastin, collagen and smooth muscle cells. The wall thickness increases rapidly during the first two weeks of the mouse life (Huang et al. 2006) . Huang et al. (2006) found that the growth of the wall thickness is not uniform along the aorta during development. The thoracic aorta grows faster than the abdominal, where the proximal aorta grows the fastest and the distal aorta grows the slowest.
The major blood flow changes at the time of birth include a dramatic increase in pulmonary flow because of the postnatal loss of the placental circulation. Furthermore, there is a dramatic decline in blood flow in the abdominal aorta due to the closure of the umbilical arteries at birth (Heymann et al. 1981) . Langille et al. (1990) found the abdominal aortic external diameter in the period between 4 and 14 days postpartum was reduced significantly as compared with in utero values. Huang et al. (2006) showed a linear relationship in the outer (figure 14a) and inner diameter (data not shown) of the aorta with age. The growth rate of both the outer and the inner diameters of thoracic and abdominal aorta are different during the first two weeks of life (Huang et al. 2006) . 6.3.2. Flow-induced remodelling. Although the blood pressure plateaus at two weeks of age, the CO continues to increase linearly between weeks three and four of age (Wiesmann et al. 2000) . Interestingly, the growth of the wall thickness of the aorta appears to level off when the mouse reaches two weeks of age (figure 14b). This observation is consistent with hypertensioninduced wall hypertrophy verified by previous studies (Matsumoto & Hayashi 1994; Laurent 1995) . It has been previously demonstrated that the growth rate of the medial CSA between the thoracic and the abdominal aorta were different (Langille et al. 1990 ). This suggests that the aorta radially transforms from a relatively thin cylindrical tube to a thicker structure where the thickness tapers along the length of the aorta during postnatal growth (Huang et al. 2006) . Figure 14a shows that the outer diameter of the aorta increases linearly with age within the first four weeks of life, with the proximal thoracic aorta growing the fastest, and the distal abdominal aorta growing the slowest (Huang et al. 2006) . This implies that the blood flow increases the most at the proximal aorta. This difference in flow circumferentially transforms the aorta from a relatively cylindrical tube to a tapering structure after birth.
6.3.3. Longitudinal growth and remodelling. During development, the body length grows faster than the aorta as shown in figure 15a . The body length grows the fastest while the aorta grows the slowest. This implies that the aorta is subjected to a distending longitudinal force during growth, which becomes significant after three weeks of age (Huang et al. 2006) . The rate of growth of aorta is 0.72 mm d K1 or 4% of total length per day. In an ex vivo system, Clerin et al. (2003) axially stretched porcine carotid arteries in organ culture for several weeks. They found a limit (approx. 8% per day) to the degree of longitudinal stretch that could be imposed while maintaining normal structure and function. Hence, the physiological stretch of aorta during normal development is well below the tolerance of the porcine carotid arteries.
6.3.4. Changes in opening angle during postnatal development. Fung (1990) has previously proposed that the remodelling of the zero-stress state is an index of the non-uniformity of growth and remodelling. Fung & Liu showed that hypertension induces growth of intima that exceeds that of the adventitia , 1992a . Consequently, the vessel sector, in the zero-stress state, shows an outward bend and hence an increase in the opening angle. Conversely, Lu et al. (2001) showed that flow-overload induces growth of adventitia that exceeds that of intima. Hence, the vessel sector bends inward and decreases the opening angle. In summary, hypertension and flow-overload have opposing effects on the opening angle. In models of simultaneous hypertension and flow-overload, the effects of opening angle are nearly conciliatory . Huang et al. (2006) results are consistent with the previous findings if we consider the changes in pressure and flow. In the thoracic aorta, the change in flow dominates the change in pressure and hence the opening angle decreases during development. In the abdominal aorta, however, the changes in pressure and flow are fairly similar and hence the effect is conciliatory. In future studies, it will be interesting to consider the effect of change in zero-stress state on the transmural distribution of intramural stress and strain.
6.3.5. Changes in mechanical properties during postnatal development. The elastin and collagen are thought to contribute to the elastic properties at low and moderate blood pressures, and high pressures, respectively (Berry et al. 1975; Silver et al. 1989) . During development, there is an uneven growth of each of micro-structural components, with increases in collagen O elastic laminae O muscle cells (Olivetti et al. 1980) . The collagen content is lower and the elastic fibre content is higher in the thoracic as compared with the abdominal aorta which implies the thoracic aorta is more compliant than the abdominal aorta (Fischer & Llaurado 1966) .
At birth when the pressure is low, the elastic modulus (figure 16a) and the compliance (figures 16b and 17a,b) are small and fairly uniform along the entire length of the aorta. As the pressure increases, the aorta becomes more elastic. Furthermore, the aorta becomes mechanically heterogeneous with the proximal region near the heart being the most compliant and the distal region least compliant. This is a functional adaptation of the aorta to serve as a windkessel.
Similarly, the data on circumferential Cauchy stress shows uniformity along the aorta during the first postpartum period (Langille et al. 1990; Huang et al. 2006) . Thereafter, the stress imposed on the proximal aorta is higher than the distal abdominal aorta (figure 18a). Hence, the Cauchy stress becomes heterogeneous along the length of the aorta during postnatal growth and development.
6.3.6. Tendency for strain homeostasis. The issue of mechanical homeostasis can be explored from the data by Huang et al. (2006) in conjunction with a previous study by Guo & Kassab (2003) circumferential stress continues to increase. The circumferential elastic modulus of the mouse aorta increases gradually from the time of birth and reaches a relatively constant value after two weeks of age (figure 16a). These results suggest that the aorta becomes stiffer with development, with stiffness of abdominal O thoracic aorta. This is consistent with the micro-structural remodelling described earlier. The modulus also continues to increase from 30 days to 10 weeks, although the change is not statistically significant (figure 18b). The strain, however, is unchanged at 10 weeks relative to 30 days (figure 18b). Indeed, the circumferential Green strain of the mouse aorta reached the adult value at the age of two weeks as shown in figure 18b . The time scale to reach a uniform strain is relatively short.
At birth, the WSS is significantly higher than physiological values and decreases linearly during development (Huang et al. 2006) . This is certainly a strong stimulus for the remodelling of the lumen of the aorta. Interestingly, the WSS is essentially normalized at 30 days. In conclusion, it appears that the circumferential strain and WSS normalize faster than the circumferential stress (Huang et al. 2006) . Hence, the WSS and strain appear to attain their homeostatic values early in life.
FUTURE DIRECTIONS
Biological tissues have unique features that include the ability to grow, change and reproduce; the process of aging and dying, and the existence of an intricate system of feedback and control. The mathematical description of growth and resorption of tissues as functions of stress and strain is an extremely important area of research and may serve as a foundation for tissue engineering. Another important direction of research is to study the ultra-structure of the tissues in order to formulate a theory of the mechanical properties on the basis of micro-structure. The coupling of imaging methods such as MPM that enables the identification of elastin and collagen fibres of the vessel wall under mechanical loading with numerical methods that take advantage of modern computational capability to deal with the complex micro-structural geometry and boundary conditions should advance this important area of research. Finally, the need for a constitutive equation for the vascular smooth muscle is critical. Without it, we cannot develop a mathematical theory of circulatory regulation and control. This area of CV biomechanics research should be a high priority.
